Fabrication of integrated electrochemical sensors is an important step towards realizing fully integrated and truly wireless platforms for many local, real-time sensing applications. Micro/nanoscale patterning of small area electrochemical sensor surfaces enhances the sensor performance to overcome the limitations resulting from their small surface area and thus is the key to the successful miniaturization of integrated platforms. We have demonstrated the microfabrication of electrochemical sensors utilizing top-down lithography and etching techniques on silicon and CMOS substrates. This choice of fabrication avoids the need of bottom-up techniques that are not compatible with established methods for fabricating electronics (e.g., CMOS) which form the industrial basis of most integrated microsystems. We present the results of applying microfabricated sensors to various measurement problems, with special attention to their use for continuous DNA and glucose sensing. Our results demonstrate the advantages of using micro-and nanofabrication techniques for the miniaturization and optimization of modern sensing platforms that employ well-established electronic measurement techniques.
Introduction
Ultra-small scale integrated electrochemical sensors have gained considerable interest as solutions to diagnostic monitoring situations requiring a small footprint. One category of microsensors that benefits from miniaturization is medical implants which require fully autonomous sensing platforms along with electronic driving circuitry within the smallest possible volume [1] . Electrochemical sensing technology in particular is a very attractive solution for health monitoring as it is possible to integrate electrochemical circuits with device electronics on a comparatively small size scale [2] . Microscale and nanoscale patterning of the sensor surfaces holds the key to making these devices perform effectively and to reducing the sensor impedance [3] . Such techniques can also be used to enhance the performance of large scale electrodes made via more conventional methods (e.g., screen printing) [4] . Usual implementations of electrochemical sensors commonly utilize a planar electrode configuration, but micro/nanoscale patterning of the electrodes provides many technical advantages such as a higher surface area and the control over the diffusion profile near the electrode surfaces [5] . This surface patterning also allows for more efficient utilization of functional coatings (e.g., enzyme or binding coatings) on the electrodes [6] . Employing these techniques to decrease the total area needed per sensor, along with embedding CMOS electronics underneath the sensor, leads to reducing the system size to practical dimensions [7] . This size reduction also provides major advantages in reducing individual device cost and foreign body response to such devices when used for in vivo applications [8] .
The most common fabrication methods of depositing electrodes for electrochemical sensors at small (sub-mm) size scale includes direct Physical Vapor Deposition (PVD) or Chemical Vapor Deposition (CVD). These techniques, when used under nonequilibrium conditions, can yield patterned surfaces [9] . However, the resulting structures are typically not suitable for long-term use because of their deformation in liquid environments as a result of large capillary forces acting on the surface nanostructures in a solution [10] . This limitation can be overcome by use of liquid deposition techniques, for example, VLS growth [11] , porous templates [12] , or complex electrochemical plating mechanisms [13] , since these methods have better resilience to liquid forces. However, such deposition approaches are usually not compatible with the current CMOS fabrication technologies or 2 Journal of Nanotechnology other vacuum-based fabrication processes. Although it has been shown that these alternative methods can be adapted for fabrication on wafer scale, the overall process is generally complex and expensive. Often, it involves deposition of very thick (10 m) metal layers as templates [10] . In the cases that nonvacuum (e.g., liquid) processing has been applied to fabricate nanostructures exact control of the geometry at the nanometer scale has proven difficult. High temperatures, corrosive atmospheres, or nonuniform deposition due to internal stresses during deposition often render such bottomup methods troublesome to scale up with consistency over large areas and over many batches for the reproducible industrial fabrication of low-impedance electrodes [9] .
In this work, we present a top-down fabrication methodology to fabricate nanoscale patterns on electrodes with very precise control over the exact geometry and with uniformity over large areas. Our method uses only vacuum-based processing without the need for making electrical contacts to the devices to be patterned or any exotic liquid-based processing. This enables a precise control over the electrochemical environment surrounding the sensor electrodes. Nanofabricated silicon pillars are coated with metal to form our electrodes and exhibit excellent mechanical resilience and successfully resist liquid surface tension forces. We demonstrate deposition of different metals on nanostructures to render them effective for many different sensing and actuation applications. The large and controllable surface area of lithographically patterned surfaces provides a simple and efficient technique to obtain excellent and predictable sensor performance in medical applications such as when quantitatively determining the concentrations of metabolites and when detecting DNA [14] . We believe that this is the first demonstration of metallized nanopillars in fully integrated electrochemical sensor systems with negligible variation in sensor properties over many fabrication batches. Metallization of etched nanostructures can be easily scaled up through industrial fabrication approaches to produce high surface area sensors in existing micro/nanofabrication foundries. Another advantage of metallization of nanostructures is that the sensor elements can be shaped in 3D using well-studied and well-controlled silicon-based fabrication processing. Silicon etching is a very mature and well-understood field, and three-dimensional structures can be achieved with great repeatability as well as geometric accuracy [15] .
Device Design
The sensor design to test the effects of surface area enhancement on electrochemical performance is based upon a three-electrode electrochemical sensor configuration with an optional fourth electrode which can be electrically connected when needed. The standard three electrodes are the working electrode (WE), counter electrode (CE), and reference electrode (RE) [16] . The optional fourth electrode can be used as a second working electrode for differential readings or for background normalization as the sensor ages. All of the electrodes are defined by processing a silicon substrate which allows vacuum-based nanometer scale silicon processing techniques to be applied. The patterned surface benefits from the excellent mechanical elasticity and resilience of nanostructures [17] . The surface material of the electrodes can be chosen to match the requirements of a particular application. Since the sensing mechanism only depends on the exposed surface layer and since most electrochemically active materials are precious metals [18] , depositing a thin metal layer on top of an underlying silicon substrate is economically very beneficial. Using only a thin layer also provides mechanical integrity since most of the pillar composition is single crystal silicon. The reference electrode for our electrochemical measurement consists of Ag/AgCl thin film bilayer deposited on the RE. The CE is coated with Pt for most of our applications and the WE material varies based upon the specific application but is commonly Pt or Au for our devices. A typical sensor is designed to fit in an area of 500 m by 500 m square. The sensor is connected to large contact pads via metal contact lines. The contact lines are insulated (using insulating epoxy, e.g., SU8) to only expose the sensor to test solutions during sensor testing. The contact pads are used to connect the sensor to a test instrument (e.g., Potentiostat) to read its electrical output on a computer. A typical sensor with contact pads is depicted in Figure 1 .
The sensor electrodes need to be coated with specific chemistry (i.e., "functionalized") to react with specific molecules for detection in complex biochemical environment [19] . To perform glucose sensing in the presence of many similar molecules in a complex solution, for example, the sensor must be coated with a glucose-sensitive layer [20] . Many different types of functionalization methods have been developed to convert nanoscale sensors into sensitive and specific devices [19] . For amperometric measurements with a redox enzyme, in situ functionalization is a simple and efficient method which allows the application of functionalized materials directly to the sensor surface [21] . This method has the benefit that no electrical connections need to be made to the ultra-small scale devices, which greatly simplifies the fabrication. However, it is important to note that electrochemically deposited coatings can be controlled more precisely and can be used for wired sensors [22] .
In this work, functionalization is achieved either by using direct immobilization of a hydrogel containing the desired chemistry (e.g., glucose-sensitive hydrogel) or by wetting the electrodes in a solution containing the desired binding molecules (e.g., nucleic acid strands) depending on the application. A typical sensor geometry employing based functionalization layer is illustrated in Figure 2 .
Analysis
The main reason for micro/nanopatterning is to enhance the sensitivity of the device since it is directly related to the surface area available for the sensing mechanism. This advantage of patterned electrodes over planar electrodes can be quantified by comparing the surface area of a circular pillar patterned electrode ( ) as compared to a planar electrode ( ) (the derivation for (1) and (2) is given in the Appendix):
Journal of Nanotechnology Here, is the radius of the pillars, ℎ is the height of the pillars, is the separation between the pillars (center to center distance), and the arrangement is hexagonal closed pack form. For a standard rectangular array of pillars, this surface area equation becomes
For practical applications, the difference between hexagonal and rectangular packing is negligible, and therefore we utilized rectangular arrangements as these are easier to rescale quickly. The theoretical surface area enhancement from such patterning is plotted against the size of the pillars in Figure 3 . Here, pillar aspect ratio is fixed (ℎ/ = 20) to signify the effect of reducing pillar radius on surface area. This shows that higher aspect ratio and higher packing density result in higher surface area for a given geometric area. The exact increase depends upon the scale of patterning and is mostly determined by the application as well as the cost of the micro-or nanofabrication. The smaller the pillar, the more the surface area gain but simultaneously the fabrication becomes more complex and costly. The feature height of the devices is also limited by the surface tension forces in the liquid which can cause sensor damage depending upon both mechanical and geometrical properties of the pillars. The deflection (Δ) of a pillar due to capillary forces is described by the following equation [10] : Here, is the capillary force, ℎ is pillar height, is young's modulus, and is second moment of inertia given by
Using (3) and (4), This shows that for a given capillary force, surface tension is proportional to third power of pillar aspect ratio (ℎ/ ) and is inversely proportional to its Young modulus ( ). Control of both of these factors is required to have a safe amount of deflection due to capillary forces and limit sensor damage. Control on young's modulus is achieved by using high purity materials with high Young's modulus. Silicon and Pt group metals have Young's modulus in GPa range in nanostructures and can be appropriately flexible [17] . Aspect ratio control is achieved during fabrication by controlling pattern sizes and etching time, as demonstrated in the next section.
Fabrication
The complete fabrication sequence used to define our patterned sensor electrodes consists of the following steps: lithographic patterning, pattern transfer processes (e.g., etching), interface control methods including deposition of metals and insulators, isolation coatings between electrodes, and finally, in some applications, functionalization of the metal contact surface. For nanoscale patterning, EUV or electron beam lithography can provide the small scale feature resolution. To be able to rapidly tune the geometries, we have chosen to use electron beam lithography and use PMMA A4 (with a molecular weight of ∼950 K) to achieve clean liftoff while still meeting the required resolution. A 50 nm thick alumina mask is sputter coated with a Temescal TES BJD-1800 DC reactive sputter deposition system by depositing aluminum in the presence of oxygen plasma for 5 minutes. The room temperature silicon plasma etch recipe for nanoscale features is described by Henry et al. [15] . The etch recipe was iteratively optimized to achieve uniform etch depth for different pillar widths and uniform sidewall roughness. Etching results are shown in Figure 4 , demonstrating uniformity of etch over different pillar sizes and over large arrays.
We then thermally oxidized the pillar structures in a wafer furnace at 1000 ∘ C for 90 minutes followed by 15-minute nitrogen anneal with a gradual return to room temperature. The results show a very uniform and continuous layer of oxide as seen in Figure 5 . A FEI Sirion 200 scanning electron microscope was used for this high contrast imaging. The Si core and the oxide outer layer can be differentiated due to the second electron emission imaging contrast between silicon and its oxide.
For standard CMOS devices, thick top metal (∼4.6 m) aluminum is used for laying out the sensor electrodes Journal of Nanotechnology integrated in the CMOS process itself. This aluminum was patterned using a combination of wet and dry processing techniques. First, ma-N 2400 resist was used as either an electron beam or deep UV resist based upon feature size. A dilute TMAH based developer (e.g., MF319) was used for resist development which also results in some etching of underlying aluminum. This was followed by a Unaxis RIE based system utilizing a mixture of boron trichloride (BCl 3 ) and chlorine (Cl 2 ) plasma for etching rest of aluminum. This process resulted in very uniform pillar arrays of aluminum, as shown in Figure 6 .
Both silicon and aluminum are not very suitable for electrochemical sensing directly [23] . Hence, the top materials were chosen to be more suitable materials depending upon the particular application. For this purpose, sputter deposition of low-impedance metals was used to achieve conformal coatings of Pt group metals. High density argon plasma of 20 millitorr was used to increase the isotropy of the deposition. A 10 nm Ti adhesion layer was first DC sputter deposited followed by 100 nm Au or Pt films, which were DC sputtered onto the Ti. The deposited film layer grew a conformal coating with uniform thickness on the top, side, and base of both pillars and substrate as shown in Figure 7 .
In our designs, the RE consists of a planar Ag/AgCl electrode. The Ag/AgCl bilayer is formed by vacuum deposition of 300 nm of Ag on the RE using liftoff. This is followed by low-power RIE chlorine plasma (10 W forward power) to convert a thin (100 nm) top layer into AgCl. The composition of the film is confirmed using SEM and EDX analysis as well as by a change in color of the electrode surface (from the white "silver" color to a brown AgCl color). SEM images of Ag and AgCl films on our electrodes are shown in Figure 8 .
The completed electrochemical cell needs to be encapsulated in a material which isolates it from its liquid environment and leaves only the sensor exposed to the fluids to be measured. This also enables the formation of a relief well structure to hold the functionalization chemistry in place close to the sensor contact. We used a thin layer of lithographically patterned SU8 (approximately 2 m) as the insulator/passivation layer, as shown in Figure 9 . Overall, this lithographic electrochemical cell fabrication process itself confirms that the nanopatterned electrode structure is mechanically robust as it can successfully withstand high surface tension polymer resist application and subsequent processing involving multiple immersions into solvents and water. Individual liquid drop evaporation tests were also performed on these devices and showed no destructive effects. This demonstrated that we can achieve patterned surfaces with simple vacuum-based processing techniques.
Testing and Results
The sensors were tested to quantify the effects of surface patterning on electrochemical sensing performance and determine if the extra processing incurred for patterning is worth its potential advantages. For all cases, we used a planar sensor as a reference and compared the patterned sensors to the reference for their performance.
Sensors were tested using a commercial CHI 7051D Potentiostat and an electrochemical test cell with a cell stand positioned on a programmable hot plate/stirrer. A small magnetic stirrer was used to allow fast and uniform mixing of test solutions in the background solution. The background solution was 0.01 M PBS (pH 7.4) in all cases. A computercontrolled syringe pump (NE-300) was used to introduce small volumes of test solutions in a slow flow-cell. A depiction of the experimental setup is shown in Figure 10 .
Results of different electrochemical experiments performed on the fabricated devices are summarized in following subsections.
Electrochemical Impedance Spectroscopy.
Electrochemical impedance spectroscopy (EIS) is used to evaluate the impedance of an electrochemical cell under a given set of test parameters. A small AC signal is applied to the electrochemical cell on top of a DC bias potential and resulting AC current is measured using the Potentiostat. To understand the expected results from these measurements, we used the Randles model of an electrochemical cell which includes the impedance of the electrodes and the solution modeled as a combination of impedances [16] , as illustrated in Figure 11 .
In this model, dl is the double layer capacitance at the electrode-electrolyte interface, ct is the contact (charge transfer) resistance between the electrode and the electrolyte, is the diffusion limitation (Warburg impedance) from the bulk to the electrode-electrolyte interface, and is the series resistance of the bulk solution between the electrodes. Analytically, the electrochemical parameters of the system depend upon electrode area and the frequency of operation. For example, the double layer capacitance and contact resistance for an electrode with surface area are given by the following equations [16] :
A typical value of is 10-100 F/cm 2 for most materials and it is different for different materials. is the Boltzmann constant, is temperature (Kelvin), is the ionic charge, is the electronic charge, and is the electrode current. The solution resistance can be calculated from its resistivity ( ) and electrode spacing ( ) and overlapping area ( ) [16] :
For fast voltage changes (e.g., chronometry or cyclic voltammetry), current is given by the Cottrell equation, as a function Figure 10 : Schematic of the electrochemical cell test setup. 
Here, is faraday constant, is the diffusion coefficient, is the number of electrons involved in the reaction, is the initial concentration of the specie, and is time. If we model nanopatterned electrodes simply as planar electrodes of the same total geometric area and ignore the overlap in electric double layer (using considerably large {greater than 1 nm} spacing between the nanopillars), then we can apply the above equations that show that the current is proportional to the electrode surface area and hence the contact resistance decreases proportionally with increase in electrochemical surface area due to the patterning. In addition, the double layer capacitance increases proportionally and the solution resistance also decreases proportionally to the surface area. The CE is designed to be an order of magnitude larger that the WE so that it does not limit the WE output. Hence, the cell impedance would be determined by the WE impedance for practical applications. For simplicity, neglecting the Warburg impedance (diffusion limitations) and assuming that the double layer capacitance acts as a simple capacitor, the cell impedance is given by the parameters of the WE [16] , as
Here, is the frequency of operation in Hertz. Since both resistors are inversely proportional to the surface area and the capacitance is proportional to the surface area, the above equation shows that the cell impedance is inversely proportional to the surface area of the working electrodes. Also, the solution resistance (typically in KΩ range) is generally much smaller than electrode resistance (typically in MΩ range) for the electrode sizes used in this work and can be neglected. In such cases, (9) can be further simplified to
Equation (10) is a simple electrical equivalent impedance of a parallel RC network. However, in EIS experiments, frequency ( ) is also a control variable and is not fixed. This shows that the cell impedance is dependent upon electrode parameters as well as on the frequency of operation. The frequency of operation depends upon the actual use case but is mostly near DC for most biosensor applications [24] .
In our experiments, the frequency of the EIS input AC signal was swept from 100 KHz to 1 mHz with a small bias of 10 mV using the CHI 7051D Potentiostat. Sensors with different working electrodes and varying pillar sizes (10 m, 300 nm, and 200 nm), but with the same Pt counter electrode and Ag/AgCl reference electrode, were tested. A simple planar electrode was also tested for reference purposes.
The result of fitting the EIS data for the different cells to the Randles model gives us numerical values for the different components of the cell. Some experimental results of impedance spectroscopy on patterned electrodes are shown in the Nyquist plot format in Figure 12 .
These results clearly show that as the pillar diameter is reduced (and hence the number of pillars is increased) the real and imaginary components of the impedance are both reduced. It is also evident that the cell impedance represents an RC circuit as the imaginary component of impedance is negative. The decrease in impedance with frequency can be better seen through a Bode plot, as shown in Figure 13 .
This plot shows that the difference between electrode impedances is in fact more pronounced at lower frequencies. This is suitable for most biochemical sensing applications as the methods of detection in such cases are based upon relatively slow voltage changes (e.g., constant potential amperometry, cyclic voltammetry). This can also be used for electrophysiological applications where smaller electrode sizes are necessary but high electrode impedance is problematic for quality of measurements [25] .
From Figure 13 , a decrease in impedance from downscaling nanostructures is expectable, but the measured decrease is surprisingly more than an order of magnitude in all cases and at 200 nm spacing, which reaches more than two orders of magnitude decrease. This is larger than expected from a purely geometric surface area increase, as predicted by (2) ( / = 21). We speculate that this anomaly results from the nondiffusion limited design of the micro/nanoelectrodes and higher charge transfer capabilities of such smaller electrodes. There is some similarity between our results and other related works reporting higher charge transfer efficiencies to nanopatterned surfaces [10] . The relation between decreasing impedance and smaller nanostructuring will end once the electric double layer of adjacent nanostructures begins to overlap and then the enhancement in overall effective surface area (electrochemical equivalent surface area) will become lower than the actual device surface area. This interference happens when the nanopillar spacing is comparable to the electric double layer thickness, which itself is dependent upon the electrolyte in the relevant environment. However for the common electrolytes the electric double layer should only range from about 0.1 nm to 1 nm [26] , so there is currently little concern about this limitation.
Nucleic Acid Sensing.
Nucleic acid (e.g., DNA) sensing has many biomedical applications including disease diagnostics and gene mutation detection [27] . Electrochemical DNA sensors are capable of sensitive and selective detection of DNA strands and mutations through binding (hybridization) reactions using different detection mechanisms [28] . Most methods of DNA sensing work by attaching ssDNA strand to an electrode as a probe. The probe can have a redox molecule attached to it and its resulting redox current can provide an indication of the configuration of the probe strand. When a complimentary (target) ssDNA is introduced to the solution, it binds with the probe and changes the configuration of the DNA strand. This change moves the redox molecule further away from the surface of the electrode than its resting position thus causing a change in redox current at the electrode [29] . There are different redox species that can be used for this purpose including methylene blue (MB) and ferrocene (Fc) [30] . We chose MB as an indicator for DNA hybridization as it has been widely reported to have a good conjugation efficiency with DNA and can create a significant signal change in its different states [29] . It has been shown to be effective in many cases of hybridization based sensors, for example, for detection of pathogen DNA [31] and proteins using aptamer [32] .
Our probe DNA consists of 17 bases and has a MB redox molecule attached at its 5 end and a C6 thiol at its 3 end. The target DNA is a complimentary strand with 17 bases. We used gold working electrodes (100 nm sputtered gold layer) for these sensors due to ease of thiol bonding between the nucleic acid strands and electrode surface. The CE was covered with 100 nm Pt and the RE was an Ag/AgCl bilayer planar electrode. The WE and CE were patterned with 250 nm diameter pillars with 500 nm spacing between pillars. For experimental protocol, we followed the approach previously demonstrated by Rowe et al. [33] . The probe and target DNA was purchased from Biosearch Technologies, Inc., in dry powder form. The probe DNA was dissolved in PBS solution (pH 7.4, 0.01 M) and its concentration was measured using a Nanodrop 2000c spectrophotometer. A typical concentration of 2 M of the DNA stock solution was prepared. Tris(2-carboxyethyl) phosphine (TCEP) solution was also mixed in PBS to achieve 50 mM concentration and was added into the DNA stock solution (in 2 : 1 volume ratio between DNA and TCEP solution) to reduce any disulfide bonds in the DNA solution. The solution was left at room temperature for 20 minutes to complete this reduction. The DNA stock solution was then diluted with PBS to achieve appropriate probe concentrations (typically 100 nM) and the sensors were immersed in this solution for three hours. Next, the sensors were immersed in a 2 mM mercaptohexanol solution in PBS for six hours to form a back-filling self-assembled monolayer (SAM) to minimize the formation of direct bonds between any target DNA and the gold electrodes. Finally, these electrodes were used in the standard electrochemical test setup consisting of a beaker on a cell stand and connection to the Potentiostat. A background signal was collected by running square wave voltammetry from 0 V to −0.6 V at 100 Hz versus the Ag/AgCl reference electrode. Target DNA solution was made by dissolving the DNA powder in PBS, measuring the resulting concentration optically (using the Nanodrop 2000c spectrophotometer) and then appropriately diluting it to reach a stock concentration of 2 M. Controlled amounts (100 L) of this target DNA solution were then added to the background PBS solution (using a syringe pump) to provide an overall target concentration of 10 nM in the final solution. The same voltammetry cycle was repeated on various time intervals. The difference in the peak current before and after the addition of the target DNA corresponds to the decrease in redox current of the methylene blue probe as a result of the change in the morphology of the probe strand due to hybridization. We measured the time dependence of the hybridization process and confirmed excellent sensor sensitivity towards the target DNA. The results for nanopatterned electrode are shown in Figure 14 .
The results indicate that surface nanopatterning increases the signal level by decreasing the overall electrochemical impedance and by increasing the hybridization efficiency with larger number of hybridization target sites. As a false positive test, the experiment was repeated with nonspecific target DNA, confirming that there is no appreciable hybridization or binding in that case.
The measured electrical current levels for the patterned sensors are comparable to those measured in a macroscale planar electrode (3 mm diameter Au electrode) which we used as a reference in this study. The following graph (Figure 15 ) compares the response of a nanopatterned sensor with the planar sensor. It shows that nanopatterned sensor provides orders of magnitude more responsive compared to the planar sensor and that actual enhancement is more than that just predicted by the increase in surface area, as per (2) . We speculate that this is similar to the decrease in electrode impedance as in the EIS experiments described earlier. We suggest that the mechanism of increase in signal is both due to the increase in electrode surface area and a change in the diffusion profile of nucleic acid molecules (3D near a nanopatterned surface versus 2D for a planar surface) and increase in charge transfer efficiency due to the nanopatterning.
These results demonstrate that nanopatterned electrodes can be effectively used for nucleic acid sensing applications where available area is environmentally constrained. Some example applications are system-on-chip devices, point of care diagnostic devices, and long-term implants using aptamers [34] .
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Glucose Sensing.
Glucose sensing is an important application for electrochemical sensors since it can provide clinically valuable and accurate results for millions of diabetic patients [35] . We fabricated sensors based upon platinum working electrodes for glucose measurements. The choice of material was based upon high electrochemical activity of platinum for metabolic sensing applications [36] . The CE was also Pt and the RE was made of Ag/AgCl. The electrodes were functionalized with glucose oxidase enzyme to achieve a glucose selective response as it is the consensus standard enzyme for electrochemical glucose sensors [37] . The immobilization was performed in situ using BSA based hydrogel as the immobilization matrix. The required solutions were made in 0.01 M PBS with a pH close to that of human body fluids (7.4). The hydrogel used was based upon Bovine Serum Albumin (BSA) solution and was used to immobilize glucose oxidase on the electrodes. Glutaraldehyde was used as a crosslinking agent for the hydrogel.
The experimental procedure for immobilization was adopted from the literature and iteratively optimized for our application [38] . Glucose oxidase (GOx) solution was made by dissolving 1.6 mg of GOx (Sigma-Aldrich type VII from Aspergillus niger) powder in 10 L of PBS. The Nanodrop 2000c was used to confirm the concentrations of enzyme in the resulting solution. BSA solution was made in PBS by dissolving 4 mg powder in 30 l of PBS. Glutaraldehyde (25% stock solution) was diluted in PBS to 2.5%. The enzyme solution was first diluted in PBS by adding 1 part of enzyme solution in 4 parts of PBS. The resulting mixture was mixed with BSA solution PBS in 1 : 1 ratio by volume. Finally, Glutaraldehyde solution was mixed in this mixture by 3 : 1 volume ratio between BSA and enzyme solution and Glutaraldehyde. Then, 1 L solution from the final mixture was pipetted carefully onto the electrochemical sensor. The device was left at room temperature for 10 minutes to allow gel formation while the process was continually observed under a microscope. The sensor was then soaked in PBS for 3 hours to let any unbound enzyme and BSA dissolve away and result in stable gel chemistry. The sensor after functionalization is shown in Figure 16 .
The sensor was then dried and placed in the experimental setup with the Potentiostat. Controlled amounts of glucose stock solution (1 M) were added to the background PBS in the electrochemical cell and the resulting signals were measured using the Potentiostat with Cyclic Voltammetry (CV) and amperometry. A typical CV scan is performed using voltage from 0 to 0.6 V versus the Ag/AgCl electrode at a scan rate of 0.01 V/second. A typical result is shown in Figure 17 .
The sensor was fabricated with planar electrodes as well as patterned electrodes (200 nm pillar diameter, 500 nm pillar spacing). The response of a nanostructured sensor with the same electrode geometry as a planar electrode was much higher, as shown in Figure 18 . Further enhancement is possible by performing direct immobilization of enzymes on the electrodes which enhances the electron transfer efficiency from the enzyme to the electrode [39] .
The glucose sensor response shows saturation effects due to mismatch between glucose and oxygen levels in the solution [40] . The response can be optimized by adding more layers of suitable membranes to the sensor chemistry stack [40] and is the focus of our future efforts. To test specificity, different solutions of PBS and pH buffers (with pH ∼7) were added as controls but did not cause any appreciable change in the sensor response. Overall, the sensitivity increase due to nanopatterning was more than two orders of magnitude as compared to the planar electrode. This response is similar to what we observed in the earlier described EIS and nucleic acid sensing and likely follows from the same geometric and diffusion reasons.
These results indicate that the miniaturized sensors can provide good sensitivity towards glucose in the physiological range (2-20 mM). Such sensors, when combined with appropriate circuitry, wireless powering, and telemetry techniques, can form the basis of ultra-small (mm scale) size and costeffective integrated sensing platforms [41] . The resulting small size can pave the way for such systems to be used for long-term in vivo applications [42] , thus revolutionizing the field of continuous glucose monitoring and other similar sensing applications.
Summary and Conclusions
In this paper, we demonstrated the advantages of integrated electrochemical sensors based upon micro/nanopatterned electrodes over traditional planar sensors. We showed that when the die area is limited, such patterning techniques can overcome the sensitivity limitations of electrochemical sensors. Hence, adequate signal to noise ratio can be achieved in different applications resulting in miniaturization of overall sensing platforms. We also demonstrate that such patterning can be achieved using standard fabrication techniques, thus limiting the need of special methods which can add to cost and reliability of the fabrication process. This has the advantage that such electrodes can be created using common fabrication facilities with currently running infrastructure which allows for low device fabrication costs and high manufacturing reproducibility. Such patterning aids in the goal of shrinking electrode sizes due to measurement environment constraints and allows for smaller total platform footprints. We demonstrated that these methods can be used with standard substrates (e.g., Si) as well as metal electrodes on CMOS substrates but other material systems may also be applicable.
We validated the effect of surface patterning in decreasing electrode impedance for a given electrode size. We showed that the smaller the scale of patterning is, the denser the resulting patterns are and hence the more pronounced is the enhancement in electrode properties (decrease in impedance). We also provided examples of DNA and glucose sensing to demonstrate the sensitivity advantage of such patterned electrodes but broader applications are possible such as in electrophysiology. Furthermore, we argue that using such techniques on standard electronic platforms (like CMOS) is very favorable for scaling production of a sensing platform using integrated CMOS-MEMS facilities which are becoming more and more cost effective with time [43] . This would minimize the failure modes related with production of large number of sensors using prior methods which are more difficult to scale and need more specialized facilities for proper manufacturing control.
Our future work is focused on broadening the range of applications for such electrodes as well as in optimizing the sensor chemistry to result in more efficient sensors for realworld applications.
Appendix
(a) For patterned electrode with hexagonal arrangement of pillars with height ℎ, radius , and separation , surface area enhancement is due to the area of pillars which is a product of their circumference and height. Hence, total surface area for the patterned electrode is sum of the rectangular geometric area and the circumferential surface area. The surface area for such hexagonal packed structure can be calculated using a unit cell, as described here [10] .
The surface area of planar electrode is given by
The surface area of patterned electrode is given by
Hence, the area ratio would be given by For patterned electrode with rectangular arrangement of pillars with height ℎ, radius , and separation , surface area enhancement is due to the area of pillars which is a product of their circumference and height. The circumferential area depends upon number of pillars which is given by ratio of each side to the pillar separation (center to center distance):
(A.5)
